Shear wave elastography (SWE) has been used to measure viscoelastic properties for characterization of fibrotic livers. In this technique, external mechanical vibrations or acoustic radiation forces are first transmitted to the tissue being imaged to induce shear waves. Ultrasonically measured displacement/velocity is then utilized to obtain elastographic measurements related to shear wave propagation. Using an open-source wave simulator, k-Wave, we conducted a case study of the relationship between plane shear wave measurements and the microstructure of fibrotic liver tissues. Particularly, three different virtual tissue models (i.e., a histology-based model, a statistics-based model, and a simple inclusion model) were used to represent underlying microstructures of fibrotic liver tissues. We found underlying microstructures affected the estimated mean group shear wave speed (SWS) under the plane shear wave assumption by as much as 56%. Also, the elastic shear wave scattering resulted in frequency-dependent attenuation coefficients and introduced changes in the estimated group SWS. Similarly, the slope of group SWS changes with respect to the excitation frequency differed as much as 78% among three models investigated. This new finding may motivate further studies examining how elastic scattering may contribute to frequency-dependent shear wave dispersion and attenuation in biological tissues.
Introduction
In recent years, measuring shear wave speed (SWS) using ultrasound-based shear wave elastography (SWE) [1] [2] [3] or transient elastography (TE) 4 has been successfully developed as a means for clinical assessment of mechanical properties of soft tissues. In the framework of ultrasound SWE (including supersonic shear imaging and point-SWE 5 ), one or more acoustic pulses are first transmitted to produce shear waves (SW), which propagate laterally from the direction of the acoustic pushing pulse(s), whereas TE uses an external mechanical vibrator to induce SWs. Then, the SWs can be subsequently tracked with a sequence of ultrasound echo data (e.g., radiofrequency data) to estimate SWS. Initial clinical successes of SWE and TE for staging liver fibrosis have been well documented. 6, 7 The apparent potential for SWE and TE has resulted in several major vendors (e.g., General Electric, Siemens, Supersonic Imagine, Echosens, etc.) releasing commercially available packages that utilize ultrasound to measure SWS.
More recent research on ultrasound-based SWE and TE [8] [9] [10] has further investigated the relationship between changes in the elastic properties of tissue and the phase velocity of the propagating SW over a given frequency range. Heiko et al. 8 and Nightingale et al. 9 found that SW dispersion (i.e., increasing phase velocity with the increase of excitation frequency) could be estimated using TE-type and acoustic-radiation-force-type excitations, respectively. Zhao et al. 10 found that a parameter named SW attenuation fitting coefficient (AFC) based on TE, as compared with the group SWS, "provided a higher diagnostic accuracy to differentiate early stages of liver fibrosis, namely METAVIR scores F1 and F2 stages, with an overall specificity of 81.48%, sensitivity of 83.33% and diagnostic accuracy of 81.82%." It is worth noting that other relevant elasticity imaging modalities such as SW dispersion ultrasound vibrometry 11 and crawling wave elastography 12 have also been applied to the measurement of liver viscosity. [13] [14] [15] However, to our knowledge, data from clinical trials involving viscosity estimation in fibrotic livers are not yet available.
In the vast majority of prior studies involving ultrasound-based SWE and TE, the group SWS (V s ) was practically correlated to the underlying shear modulus G by the following equation: V G s = / ρ where ρ is the mass density. In contrast, the evaluation of viscosity was often based on a Voigt model. 16 Rigorously speaking, the above-mentioned data processing strategy is only valid in homogeneous media. It is well known that excessive depositions of collagen during the progression of liver fibrosis often result in complicated biological composites, as indicated in the pathology literature. 17 Although those collagen depositions in the fibrotic liver tissues are smaller than one wavelength of a propagating SW, 17 this inhomogeneity may still influence the SW propagation through (Rayleigh) elastic wave scattering. Only a few studies [18] [19] [20] to date have investigated the SW scattering and its impact on SWS measurements in the ultrasound elastography literature.
Our primary objective of this study is to understand how microstructures of collagen depositions in fibrotic livers may influence group SWS measurements due to the elastic wave scattering. Because of practical difficulties and cost associated with developing complex tissue-mimicking phantoms that can realistically represent both the tissue composition and material properties, a computational approach becomes a viable alternate. Particularly, we construct a two-phase random medium whose main constituents are collagen depositions and a background matrix; both collagen fibers and the background matrix are elastic (lossless) materials. Hereafter, the random two-phase medium is referred to as the fibrotic liver tissue model. In this preliminary study, simulated two-dimensional (2D) plane SWs using an open-source simulator k-Wave 21 were used as a first approximation to systemically investigate how the SWs interact with three different fibrotic liver tissue models. To our knowledge, this topic has not been studied.
Materials and Method

2D Random Two-phase Models of Fibrotic Liver Tissues
Because liver fibrosis without steatosis results in depositions of stiff collagenous scar tissues embedded in the normal liver parenchyma, 17 fibrotic liver tissues can be simplified as a twophase medium consisting of two components-normal background and collagenous depositions as a first approximation. Without the loss of generality, we regarded the connected collagenous fibers as the inclusions with an area fraction of α . The area fraction of α is known as collagen proportionate area (CPA) in the clinical literature. 22 However, these collagen depositions could be arbitrarily distributed.
Three (two-phase) fibrotic liver tissue models were investigated to show how spatial characteristics of these inclusions can influence (group) SWS measurements. As shown in Figure 1 , the first model (Model 1) was designated to mimic histological characteristics of fibrosis under the METAVIR classification. 23 In the early stages of liver fibrosis (i.e., METAVIR scores F1 and F2; CPA = 10% 22 ), liver injuries occur and collagen is deposited around portal tracts. Those collagen depositions look like isolated islands (see the top left plot in Figure 1 ). As the liver fibrosis progresses (i.e., METAVIR scores F3 or F4; CPA = 30% 22 ), fibrous expansions of most portal areas cause portal-to-portal bridging or portal-to-central bridging, 24 as shown in the top right plot in Figure 1 .
As also shown in Figure 1 , the second and third models are mathematical models to mimic the random distribution of collagen depositions. Particularly, Model 2 is a statistics-based model. 25 A spatial Gaussian random field was first generated for local tissue shear moduli. Then, a cutoff threshold of the tissue shear modulus values was used to convert the spatial Gaussian random field to a binary (two-phase) random medium. The reconstruction process was done using a nonlinear transformation 25 that ensures respective correlation lengths of those initial spatial Gaussian random fields were retained in all resulting random (two-phase) medium. In Model 3, rectangular inclusions with a predetermined size were added to the background until the needed area fraction ratio α would be reached.
To match SWS values of simulated liver tissues with METAVIR scores 23 for early and late stages of liver fibrosis as reported in the clinical literature, [26] [27] [28] an image processing technique mimicking elevated cross-linking 29 was used. Basically, after applying a smoothing kernel, the virtual tissues adjacent to collagenous depositions were hardened as shown in Figure 2 (b). In the Gaussian smoothing model, we reduced two parameters (i.e., kernel radius and standard deviation of Gaussian distribution) to one by setting the (spatial) kernel size to 2σ , where σ is the standard deviation of the Gaussian smoothing kernel. Approximately 2σ covers 95% of the data range. Thus, the only parameter for the Gaussian smoothing kernel was its (spatial) kernel size. The kernel sizes were set to be 0.2 mm for both CPAs of 10% and 30%.
Numerical Simulations
Numerical simulations presented in this work are a continuation of a prior publication 20 and only the essential information is included for the sake of completeness. A more formal description of the simulation setting can be found in the prior publication (i.e., Appendix B of Wang et al. 20 ).
As shown in Figure 3 , elastic SW propagation was simulated by k-Wave, 21 which is a spectral finite difference solver of the elastic wave equation. The overall dimensions of computing domain are 90 mm (along the SW propagation direction; see the arrow in Figure 3 ) × 22 mm. There is a 20 mm × 20 mm central rectilinear region of interest (ROI) containing the (two-phase) fibrotic liver tissue models after the simulated "cross-linking" process; the rest of the computing domain is uniform.
One transient cycle of the plane SW excitations at one of the following eight frequencies: 100 Hz to 400 Hz with an increment of 50 Hz was applied to the left edge of the ROI (see the green line in Figure 3 ) to initiate the SW propagation. The above-mentioned frequency range (100-400 Hz) was selected to mimic typical acoustic radiation force-based SWE. 9, 13 Plane SW propagation approximates SW propagation within an imaging plane of supersonic shear imaging (SSI). 5 Periodic (also known as mirroring) boundary conditions have been applied to the four edges (i.e., Lines 1-4 in Figure 3 ) of the computing domain. The mirroring boundary condition will ensure that time-resolved velocity and stress between any pair of corresponding sites around edges of the computing domain (e.g., P1 and P2 [Lines 1 and 3], P3 and P4 [Lines 1 and 3], P5 and P6 [Lines 2 and 4]) are identical. All computing grid points located at four edges were paired, and the mirroring boundary was enforced among all identified pairs. Because the mirroring boundary condition does not constrain motion along any edges of the model (Figure 3 ), our computing domain should not be considered as a model of the waveguide. The required mechanical properties used in k-Wave simulations were adopted from the literature [30] [31] [32] [33] [34] and are summarized in Table 1 . Normal liver shear modulus was set to be around 3.24 kPa (equivalent to the SWS of 1.8 m/s). 32 The shear modulus value of collagen depositions was set to 520 kPa (equivalent to SWS of 20 m/s at the mass density of 1300 kg/m 3 ). 31 The grid spacing within the entire computing domain was uniform, and the pixel/grid size was 0.1 mm × 0.1 mm. This selected grid size resulted in at least 20 points per wavelength and should adequately resolve the SW propagation. Mesh sensitivity tests were performed to verify that results were not sensitive to the chosen grid size. Compression and SW velocity parameters (i.e., compressional sound speed, SWS, and mass density) were assigned to every pixel in the rectilinear computing grid. SWS and SOS denote shear wave speed and speed of sound, respectively. SWS = shear wave speed; SOS = speed of sound.
Data Analysis
Once the simulated SW velocity data were obtained, a direction filter 35 was applied to the simulated wave data to remove wave interferences. Then, a lateral time-to-peak (TTP) algorithm 36 was adopted to estimate SWS along the SW propagation direction (see the arrow in Figure 3 ). More specially, we fitted those identified local peaks (y-axis) with respect to their lateral locations (x-axis) into a line and the fitted slope of the line became the propagating SWS. The lateral kernel length was 1.2 mm. Key simulation details can be found in Table 2 .
Instead of analyses of all 11,000 SWS data together (see Table 2 ), we randomly selected 100 data points from all 11,000 data points to mimic "clinical" SWS data. We defined a parameter set as a unique combination of the model (Models 1-3), CPA (10% and 30%), and excitation frequency (100-400 Hz). Thus, the above-mentioned random selection process was repeated 100 times to generate 100 realizations of simulated "clinical" SWS data for each unique combination. 20 Then, the mean and standard derivation of the SWS distribution were estimated by fitting data in each unique combination into a previously published 20 probability density function (PDF) derived from the maximum entropy theorem,
where G E and G D are mean and variance of the effective shear modulus G, respectively. In Equation (1), ρ is the mass density. More information for Equation (1) can be found in. 20 Table 2 . Simulation Details Using k-Wave. The correlation length was quantified using two-point correlation function. 37 The two-point correlation length was used to characterize the approximate size of inclusions on an average sense. CPA = collagen proportionate area; SWS = shear wave speed.
CPA (%)
To estimate frequency-dependent SWS dispersion, the estimated group SWS data were first plotted as a function of frequencies between 200 and 400 Hz, similar to that used by Nightingale et al. 9 Then, the dispersion slope dV df s / was estimated by a linear regression. Consistent with the ultrasound literature, the SW attenuation (α ) is defined as the fraction of velocity peak amplitude that is attenuated per unit SW traveling length and has a unit of Np/m. In this study, α was calculated as follows. First, for each depth, we first selected a set of points (N = 49) from a set of locations away from the pushing location ( Figure 4a ; starting with 6 mm away from the pushing location and ending with 11 mm from the pushing location). Second, as shown in Figure 4 (b), time-resolved velocity curves were selected from the previously selected set of (spatial) locations to identify respective peak velocities. Third, all peak velocity values were first normalized by the particle velocity V 0 corresponding to the location 6 mm away from the push location. Then, these natural logarithms of those normalized peak velocities (y-axis) and their corresponding (spatial) locations (x-axis) were fitted into a line, and the slope is the parameter of interest, α (Figure 4c ). The frequency-dependent attenuation coefficient is defined as the rate of change in attenuation with respect to the excitation frequency and, therefore, has a unit of Np/m/Hz.
Results
Observations of Elastic SW Scattering
As shown in Figure 5 (a) and (d), in a uniform elastic medium, the wavefronts were completely in parallel, and the spacing among those wavefronts remains the same regardless of the excitation frequency, thereby indicating that the (group) SWS values were not dependent on the excitation frequency. In Figure 5 (b), (c), (e), and (f), distortions among shear wavefronts in Model 1 were clearly visible. The distortion of shear wavefronts led to variations in the estimated SWS values. Because the interference between the SWs backscattered by hard inclusions and the forwardtraveling SWs were the source of wavefront distortion, with the increased presence of the collagen depositions (e.g., Figure 5e vs. Figure 5f ), the degree of wavefront distortion increased. It is also interesting to note that, with the increase of excitation frequency (i.e., a reduction of shear wave wavelength), the extent of elastic wave scattering increased and, therefore, the wavefront distortion increased (e.g., Figure 5c vs. Figure 5f ). Similar elastic SW scattering phenomena were found in Models 2 and 3 as well.
Sensitivity Analysis
Only the influences of mass density and SWS on the estimated SWS in Model 1 are given below to make the presentation concise because we found that changes of speed of sound (SOS) values Table 1 . CPA = collagen proportionate area.
in Models 1 to 3 ( Figure 1 ) have little effects on the estimated SWS values. In the first case (Case 1 in Table 3 ), mass density values of the normal liver tissues and collagen depositions followed Gaussian Distributions based on data available in the literature. 33, 34 In the second case (Case 2 in Table 3 ), SWS values of the normal liver tissues and collagen depositions were set as 1.8 ± 0.15 m/s (mean ± 1 standard deviation following a Gaussian distribution) and 20 ± 1.5 m/s, respectively, also based on results available in the literature. 31, 32 In the third case (Case 3 in Table 3 ), the combined effect of mass density and SWS values was studied. We referred the input parameters listed in Table 1 above as to Case 0.
Overall, as shown in Figure 6 , both the estimated group SWS and its change with respect to the excitation frequency (200-400 Hz) remained stable (<5%) as the input parameters were varied.
Comparisons of Group SWS among Models 1 to 3
In this subsection, input parameters listed in Table 1 (Case 0) were used to perform all SW propagation simulations. Means and standard deviations of the SWS values fitted into Equation (1) are shown in Figure 7 Table 1 while descriptions of input parameters for Cases 1 to 3 are shown in Table 3 . In all four cases, the CPA was 30% CPA. Error bars represent one standard deviation (m/s). The excitation frequencies (x-axis; 200-400 Hz) and the group SWS values (y-axis) were fitted into lines. Slopes of these lines are displayed on the right side. SWS = shear wave speed; CPA = collagen proportionate area. estimated SWS values were noticeably different among three models. Based on the Wilcoxon rank sum tests, these differences of SWS values among these three models were all statistically significant (p < 0.001). Figure 7 (a) and (b) clearly depict that the group SWS estimates were dependent on frequencies regardless of the underlying microstructure model. Furthermore, there was increasing SWS dispersion with the increase of CPAs. Taking Model 1 as an example, the dispersion slope dV df s / increased from 0.74 m/s/kHz to 2.22 m/s/kHz (200-400 Hz) when increasing CPA from 10% to 30%. It is also observed that different underlying microstructure distributions could result in varying degrees of SW dispersion. For instance, the largest differences between estimated dispersion slopes ( dV df s / ) were between Model 1 and Model 3. Quantitatively, those differences were 43% and 78% for 10% CPA and 30% CPA, respectively.
Estimation of SW Attenuation
The estimated SW attenuation values are shown in Figure 8 frequency-dependent attenuation coefficients (Np/m/Hz) were also estimated from 100 Hz to 400 Hz. At the CPA of 10%, the frequency-dependent attenuation coefficients obtained from Models 1 to 3 were comparable. However, at the CPA of 30%, the frequency-dependent attenuation coefficient of Model 2 was significantly higher as compared with those of Models 1 (approximately 150%) and 3 (approximately 60%), respectively.
Discussion
In the current study, we assumed that the fibrotic liver tissues were composed of the normal liver parenchyma and collagen depositions. Given a paucity of experimental collagen deposition data at the scale of 100 micrometers, we made assumptions about material properties to make sure that the liver fibrotic tissue matched experimental data at the macroscopic level (e.g., at the centimeter scale). We found that the combination of emulated "cross-linking" and changing SWS of collagen depositions was the most effective strategy to match the SWS values to the SWS data available in the clinical literature. For example, as shown in Figure 9 , if the emulated "crosslinking" effect had not been implemented, the group SWS values of Model 1 would have remained approximately 3 m/s for a 30% CPA at the 100 Hz, when the SWS of those collagen depositions were varied between 7 and 20 m/s (equivalent to the shear modulus value of 65-520 kPa). Only the combination of emulated "cross-linking" and setting the SWS of the collagen depositions to 20 m/s made the group SWS elevated to approximately 4.2 m/s for the CPA of 30% at the 100 Hz. This number became more consistent with those reported in the clinical literature for late stages of liver fibrosis. [26] [27] [28] Similarly, when we also varied the SOS of the collagen deposition from 1500 to 1800 m/s, we found that when the SOS approached 1800 m/s, the estimated SOS values from the simulated fibrotic liver tissues were significantly elevated and became comparable with SOS values reported in the clinical literature as shown in Figure 10 . Based on experimental data available in gelatin-based materials, 38 the estimated SOS values in gelatin-based materials were proportional to the collagen content. Thus, it is possible that the dense collagen depositions would lead to a considerably higher SOS value. We found that the influence of three different microscopic structures (Models 1-3) on estimated SWS results was significant. Taking the 30% CPA and the excitation frequency of 200 Hz as an example, the median values of the mean group SWS values were around 6.1 m/s, 3.74 m/s, and 2.7 m/s for Model 1, Model 2, and Model 3, respectively. The relative difference was as high as 56% between the Model 1 and Model 3. In the clinical literature, [26] [27] [28] group SWS values were on average about 5.7 m/s for METAVIR classification F4 tissues. In late-stage fibrotic liver tissues such as F4, the CPA values could reach and exceed 30%. 22 Overall, results obtained from Model 1 (see Figure 7 ) were most consistent with those clinical data. [26] [27] [28] Particularly, even with the emulated "cross-linking" effect, Models 2 and 3 yielded significantly lower group SWS values (see Figure 7) as compared with data reported in the clinical literature. [26] [27] [28] Interestingly, the work by Nightingale et al. 9 showed that the phase velocity slope with respect to the excitation frequency increases from 2.92m/s/kHz for one (METAVIR classifications) F1 human case to 4.05-m/s/kHz for an F3 (METAVIR classifications) human case. Our results shown in Table  3 suggested that, in Model 1, the group SWS change with respect to the excitation frequency (200-400 Hz) was approximately 2.22-m/s/kHz in simulated data when the CPA was 30%. The CPAs of 10% and 30% correlate to early (METAVIR classifications F1-F2) and late (METAVIR classifications F3-F4) stages of liver fibrosis, respectively. 22 Because we used a single-frequency excitation, we were unable to calculate the dispersion slopes following the same method used by Nightingale et al. 9 In another recent study involving measurements of in vivo SW attenuation in normal human livers, 39 estimated attenuation values were significantly higher as compared with those shown in Figure 8 (approximately 100 Np/m vs. 10 Np/m). Because such measurements of SW attenuation (100 Np/m) were obtained from livers without signs of rejection after liver transplants, 39 we assume these were normal livers. Using magnetic resonance SWE, Yin et al. 40 demonstrated that the SW attenuation significantly decreased (a factor of 3) from normal livers to late-stage liver fibrosis (F4). This might suggest that the attenuation due to the elastic SW scattering should play a more significant role in the late-stage liver fibrosis. However, more data are needed to verify their findings.
Current experimental and clinical studies 9, [13] [14] [15] 39 implicitly assumed that the source of frequency-dependent SW dispersion and attenuation stemmed from the viscosity by the adoption of the Voigt-type model. 16 Given the nature of biological tissues, the viscosity is likely the source, and this study should not be interpreted as a challenge to previous studies. 9, [13] [14] [15] Instead, we are interested in understanding whether elastic SW scattering in heterogeneous lossless media could be a source of frequency-dependent SW dispersion and attenuation. Toward this end, a notable contribution of our study is to increase the awareness of elastic SW scattering and its potential impact on the frequency-dependent SW dispersion and attenuation. Further investigations in tissue-mimicking materials and biological tissues are required to validate this computational study. Of note, in this study, elastic wave scattering is within the Rayleigh Regime.
To obtain simulated SWS distributions, the linear regression kernel length was 1.2 mm. To verify the sensitivity of the kernel length, our results were reprocessed using a smaller kernel length of 0.4 mm. We found that the means of SWS remained the same but the variances of SWS were increased by approximately 5% to 8%.
SW propagation in soft tissues are intrinsically three dimensional (3D). 41 In supersonic shear imaging or point-SWE, 5 the SW is, in fact, cylindrical and can only be approximated as a plane wave within the imaging plane. For the point-SWE, the plane SW assumption is perhaps only valid at the proximity of the focus of the acoustic pushing beam. In the TE, the SW is spherical. Consequently, using a 2D-tissue model along with 2D-plane SW simulations has significant limitations. First, in 2D SW simulations, complicated wave propagation phenomena such as mode conversion, diffraction, and wave splitting along the third dimension in heterogeneous media cannot be simulated. Second, as explained before in section "Numerical Estimations," only a single-frequency excitation was simulated, because acoustic radiation force-induced SWE induces (tissue) excitations with broader frequency components. Work is still in process to extend observations reported in this study to acoustic radiation force-induced SWE. 5 Third, we were unable to combine both elastic scattering and viscosity-related dispersion together in this study because, in the open-source k-Wave, frequency-dependent SWS has not been implemented for the individual material phases in a composite.
In future work, we will create numerical models containing realistic microstructures of fibrotic liver tissues and perform SW simulations in conjunction with SSI and point-SWE. 5 An opensource ultrasound elastography simulation platform developed by our group 42, 43 may enable us to perform such complex SW simulations. Consequently, the combined effects of elastic scattering and viscosity for acoustic radiation force-induced SWE on frequency-dependent SW dispersion and attenuation can be better understood. It is worth noting that 3D SW simulations in k-Wave are prohibitively high given our computational resources. Encouraging results from this preliminary study certainly warrant further studies.
Conclusion
In summary, a computational investigation of (plane) SW propagation in simulated fibrotic liver tissues was conducted. We found underlying microstructures affected both the estimated mean group SWS by as much as 56% at a 200 Hz excitation. Also, the elastic SW scattering introduced frequency-dependent attenuation and resulted in changes in the estimated group SWS. The slope of group SWS changes with respect to the excitation frequency (200-400 Hz) differed as much as 78% among three models investigated. This new finding may motivate further studies examining how elastic wave scattering may contribute to frequency-dependent SW dispersion in biological tissues.
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